Recent developments in neural interfaces show that it is possible to have fine control of a robotic prosthetic by interfacing with the motor cortex of the human brain. Development of long term systems for this purpose is a challenging task with many different possibilities. Intracortical implants have shown the most promise in providing enough signal selectivity and throughput for complex control systems with many degrees of freedom. Intracortical systems generally fall into two categories: MEMS devices and bundle of wire systems. While both show promise, MEMS systems have been greatly popularized due to their reproducibility. In particular, the Michigan probe and Utah microarray are often used as a base for construction of more complex intracortical systems. However, these systems still carry many downsides. Their long-term viability is questionable, with mixed results. The effects of damage from implantation are still inconclusive and immune responses remain a problem for long-term use. While there is some promising research in the use of bioactive molecules and biocompatible materials to prevent immune responses, more controlled study is needed before intracortical systems become widespread.
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Introduction
Since the early 20th century, much progress has been made in understanding how the nervous system works. To accomplish this, however, techniques for measuring neural impulses had to be developed. Edgar Adrian first developed methods for measuring the activity of neuron clusters by way of simple metal electrodes [1] . His work was expanded to more complex methods in studying both intracellular and extracellular neuronal signals in vivo, leading to many important discoveries, such Hubel and Wiesel's finding of visual receptive fields [2] .
Loss of sensory or motor function from amputation, neuro-degenerative diseases, spinal cord injury, or other reasons, can have a devastating effect on a person's quality of life. There is clear segue from measurement techniques of individual neurons to rehabilitative technologies which can both record and stimulate neurons in the the central and peripheral nervous systems. House et al. first began human trials of single-channel cochlear implants in the early 1960's [3, 4] and are often cited as implementing one of the first neuroprosthetics. Since then, numerous other neuroprostheses have been created for restoring or aiding motor function [5] , vision [6] , and pro-actively treating epileptic seizures [7] or the effects of Parkinson's disease [8] . While all of these are promising and worthwhile, here an emphasis is placed on neural interfaces with the intention of controlling a robotic prosthetic (as in the case of an amputee). These systems require a high level of specificity and a high signal-to-noise ratio 1 to accomplish quick and complex movement with many degrees of freedom, and as such are more precise in specification [10] .
There are currently a wide variety of techniques to record and stimulate neurons, from noninvasive techniques, such as external fMRI or EEG readings, to more invasive techniques, like surface cortical electrodes, to cortically penetrative techniques, like intracortical electrodes. All techniques have their benefits for particular tasks, but non-invasive techniques are perhaps more attractive for human trials. However, the level of specificity and the low signal-to-noise ratio of non-invasive techniques (fMRI, EEG) and even minimally invasive techniques (cortical surface electrodes), often are not sufficient for accomplishing more complex real-time tasks [10] . While research continues and these techniques improve and become more promising, as has recently been demonstrated in improved versions of cortical surface electrode arrays [11] , minimally invasive systems have not had as much success in real-time fine control of robotic prosthetics. Additionally, single intracortical electrodes do not provide a large enough sample size for determining refined control [12] . Intracortical electrode arrays, however, have had great success in demonstrating realtime movement of a robotic limb by recording signals from the M1 (motor) cortex of the brain in both animal [13] and human trials [5] . As such, further emphasis is placed on intracortical arrays of electrodes as a technique for controlling robotic prosthesis.
Background
Brief History
To understand the functionality of neurons, it is necessary to provide a method for capturing and interpreting their signals. Edgar Adrian became one of the first people to measure electrical discharges in single nerve fibers using a Lippmann electrometer and simple wire electrodes [1] , winning the Noble Prize for his work in improving our understanding of the functionality of neu-1 Signal-to-noise ratio is defined as the "root-mean-square (RMS) level of the recording after the identified spikes have been removed, or as 2-6 standard deviations from the average signal level" [9] . A signal-to-noise ratio of 2.5-4.0 is considered the minimum useful threshold of a signal and indicated the recording of multiple neurons. Anything greater than 4.0 indicates the recording of a single neuron's activity.
rons [14] . A number of important discoveries have subsequently been made in understanding the functionality of the brain using single neuron measurement techniques. This includes Hubel and Weisel's discovery of receptive fields [15] using tungsten and steel electrodes to measure individual neurons in a cat's visual cortex.
Single Cell Measurement Techniques
Single cell measurement techniques, generally fall into two categories: intracellular and extracellular. Intracellular techniques involve measurement of the potentials inside a neuron with the recording electrode, allowing for measurement of resting potentials and post-synaptic potentials 2 , as well as action potentials. Conversely, extracellular techniques typically only measure the action potential outside of a neural cell membrane, but do not gain much insight into resting potentials or post-synaptic potentials. The method by which action potentials are created will be discussed later.
Intracellular
While there are several techniques for measuring intracellular potentials including: voltage clamp, current clamp [16] , patch-clamp [17] , and sharpened penetrative electrodes. These often result in cell death due to rupturing of the cell membrane and, as such, are typically only used to gain insight into neuron functionality rather than functional purposes.
Extracellular
Extracellular systems, however, usually retain cell viability, and are often used for both research and functional purposes when measurement of action potentials is needed. Extracellular single cell measurements typically involve placing an electrode close to the cell membrane to detect the voltage change, typically "50 to 500 microvolts (V) in amplitude, with a frequency content from 100 Hz to about 10 kHz" [18] . This is possible because the depolarization of the inside of a neuron during activation affects the extracellular mileau due to the opening of ion channels in the cell membrane (to be discussed later).
There are two main types of electrodes used commonly for measuring these action potentials: glass and metal. The glass micropipette electrode is attributed to Gerard and Ling [19] . A glass pipette is extruded to a fine tip and filled with an electrolyte "to form a conductive link to the tissue" [18] . A larger electrode is then placed in the electrolyte to connect relevant measurement instruments. Glass micropipettes are typically used for intracellular measurements due to the high resistance of the tip and high capacitance of the pipette wall. This forms what is essentially a low-pass filter, making it ideal for measuring lower potentials (such as resting potentials).
Electrodes for Neuroprosthesis
It is currently possible to use non-invasive techniques, such as EEG readings, to accomplish relatively simple tasks, such as cursor movement on a screen [20, 21] . However, more complex systems, like control of a prosthetic limb, where actions can consist of many degrees of freedom, are limited by the low signal-to-noise ratio of these measurement techniques. As such, even in existing methods for complex functions in non-invasive systems, such as control of a humanoid robot seen in [22] , patients will learn how to select one of a set of given options rather than be given direct control of the entire system. In the case of controlling the humanoid robot, all functionality of the robot was abstracted to preprogrammed functions and the users simply selected which object they wished the robot to pick up from a set of four images.
To use the intricate signals involved with complex movement for control of a prosthesis, it is necessary to measure more than one neuron's action potential spikes at a time, while retaining a high signal-to-noise ratio and a high level of selectivity for distinguishing neurons [12] . As such, we focus on intracortical microarray techniques which retain such properties, allowing for spatial and temporal analysis of neuron activation [23] . Using intracortical microarrays, several groups have been successful in enabling control of a robotic prosthetic arm for executing complex motions in both animal and human trials [13, 5] . Before looking at various intracortical electrodes, it is important to return to, and define, how such electrodes work on a general level and which signals they measure. While previous reviews [24, 25] describe the in-depth processes involved in charge transfer and measurement or stimulation by electrodes, it is important to note here briefly the mechanism of action. Neurons retain a constant voltage difference across the plasma membrane known as a membrane potential [26] . This membrane potential is upheld by various ion channels and pumps (using sodium and potassium) that continuously balance the voltage difference between the inside and the outside of the cell. Synapses cause the cell to depolarize (or hyperpolarize) on stimulation. Once this depolarization reaches a threshold, an action potential is triggered. During an action potential, the membrane rapidly increases and then suddenly drops back down in a spike-like waveform (see Figure 1 ). This sudden action potential then triggers synapses in the next connected neuron. This waveform is typically fairly consistent within a cell throughout activation potentials. The sudden change in potential also results in a measurable extracellular current due to the interaction of the ion channels and pumps with the extracellular mileau. When placed sufficiently close to a neuron, an electrode can noticeably record these changes. The low-pass filter (capacitive) properties of the extracellular environment result an attenuation of this signal, and noise from surrounding cells will result in a low signal-to-noise ratio in the electrode if the electrode is not placed close enough to the cell.
Neuron Function
Review of Current Intracortical Electrode Systems
The control mechanism for use of a robotic prosthetic via an interface with the central nervous system can be divided into four main parts: the recording mechanism (intracortical electrode arrays), the recording electronics, extraction algorithms (for determining movement intention), and robotic actuators [27] . Here focus is placed on the recording mechanism. Electronics and algorithms vary greatly between projects and depend on the site of implantation and the probe or electrode array used. As such, they are not discussed. Robotic actuators are also highly varied in prosthetics and are beyond the the scope of this review. However, a number of systems have previously been discussed [28, 29, 30, 31, 32] .
Generally, intracortical electrodes fall into two categories: MEMS devices and bundles of wires. Bundles of wires involve forming individual electrode wires into structures for intracortical study and also include neurotrophic methods. MEMS devices include two main devices: the Michigan probe and the Utah array which are often used as a base for creating new intracortical systems.
Wire electrodes as bundles or arrays
Figure 2: Examples of microwire arrays and bundles. Left, microwire arrays (1) were used for cortical and thalamic implants and bundles (2) used for brain stem implants. Image reproduced from [33] . Middle, examples of two 4x4 electrode arrays sharing a 32-channel connector. Image reproduced from [34] . Right, an example of a bundle of "eight Ni-Chrome wires spun around one Pt/Irwire in a braiding type manual process" used for deep brain recording [35] .
Some of the earliest examples of recording of multiple neurons simultaneously in a long-term implantation have been using bundles or arrays of microwire electrodes [36] . These methods continue to be used by some groups, such as at Duke University [34] for many applications, but most commonly bundles of wires are used for deep brain recordings (as seen in Figure 2 ) [35, 37] . In these systems, individual microwire electrodes are placed into the brain and then connected externally through some sort of channel connection mechanism or bundled together and encapsulated by plastic or other material before being placed in the brain (as seen in Figure 2 ).
The microwires can be fabricated through electrolytical sharpening [38] or mechanical beveling such that the diameter of the wire is in the 20 -50 µm range and the wire is brought to a fine tip (less than 1 µm) [18, 34] . The wire is then subsequently insulated, except for the tip, to prevent signal noise from other neurons touching the rest of the electrode. An alternative to this, is to use a pre-insulated wire and to cut the tip of the wire in a blunt or angled fashion resulting in exposure of the metal. In this case, an angled cut results in easier insertion and less damage to surrounding neurons during implantation. However, this reduces the electrode's ability to record from single neurons because of greater exposure to the metal by neighboring cells [34] . The metal wires can be made of any conductive metal, but typical metals seen are tungsten, stainless steel, platinum, iridium, or gold.
Metal electrodes, and most of the subsequently described methods here, detect changes in neuron's membrane potential by forming an interface with the aqueous extracellular surroundings. In this way, changes in the extracellular current, as previously described, can be relayed and interpreted as spikes during an action potential.
Fabrication methods vary greatly for connecting the wires together. In arrays, often used with shorter lengths of wires and applications close to the surface of the brain, mechanisms generally fall into two categories: discretely wired and layered approaches [34] . In either case, wires are typically spaced 200 µm to 1000 µm apart. In the discretely wired approach, straight wires are typically bound together through a glue and then deposited onto a silicon substrate (or printed circuit board) to be wired to other amplification, filtering, or channel-switching circuitry. In the layered approach, printed circuit boards (PCBs) are used to adapt the spacing of the electrode array to a given connector. The differences between these two methods can be seen in Figure 3 . The choice of technique highly depends on the circuitry used for signal processing at the base and the channel connector of choice. Images of the layered methodology for making electrode arrays (left) and the discrete method (right). In the discrete method the wires are straight and placed on a silicon substrate, and wired subsequently to the channel connector. In the layered method a PCB is used to create an interface adapting the array to the desired circuitry. Images reproduced from [34] .
Electrode bundles are typically used in deep brain recording as they are usually tightly packed, adding stability and stiffness for insertion deep into the brain (so they don't bend or break and so there is damage on implant). A bundle can be seen in Figure 2 . The wires are manually spun together in a braid and then insulated further with a guide tube (for further stability), which can be removed on insertion [35] .
Overall, electrode wire arrays are often well suited for making customizable interfaces that are specifically designed for a certain part of the brain, or for a certain purpose. However, these same characteristics also make them more difficult to reproduce and the large size of the arrays could result in more tissue damage during insertion [18] . However, for deep brain stimulation, it may be necessary to use a technique such as bundling microwires to provide stability (so the wires do not bend on insertion) for the length of wire needed, which may not be possible with other subsequently described techniques. 
Michigan Probe
The Michigan probe [40, 18] seen in Figure 4 , named after the University of Michigan where it was created, is a bit more versatile than some of the other electrode systems described here. It is highly reproducible in its geometric and electrical properties, small with greater site packing density, can be be made in batches, and is compatible with ribbon cables for connection to other electronics. However, it remains highly customizable [39] . In fact, the Michigan probe has been modified previously with microchannels in the shanks 3 for controlled drug delivery through the blood brain barrier [41] .
While, the Michigan-probe has spurred numerous similar devices to be made, all with slight variations. Generally, Michigan probes take the form of several shanks made of a silicon substrate that have lithographically patterned arrays of electrodes and conductors on them, running back to leads that a ribbon connection can be bonded to. Dimensions of Michigan-like devices vary greatly, between 1.5 mm and 5 cm long and as narrow as 5 µm wide [42] .
The device is typically fabricated in several steps [39] . First, seen in Figure 5A , a silicon wafer is doped through the selective diffusion of boron 4 This defines a conductive substrate, and later the size and shape of the device as will be described. Three layers of silicon dioxide, silicon nitride, and silicon dioxide again, respectively, are deposited onto the boron substrate, acting as insulators from its conductivity and forming the lower dielectric layers. This process is done using low- 3 The protruding spike of the probe which contains the electrodes, see Figure 4 4 To accomplish this selective diffusion, the silicon wafer is thermally oxidized, preventing boron from diffusing. As parts of the oxidation are removed, the boron is free to diffuse, resulting in this formation. Once boron is diffused to a desired thickness, typically 15 µm [18] , the oxidation mask is removed completely. pressure chemical vapor deposition (LPCVD) 5 . Subsequently, a conductive interconnect material (typically phosphorous-doped polysilicon [18] ) is deposited and patterned using photolithography onto the lower dielectrics. These interconnects lead the electrodes back to bond pads which a ribbon connector can be bonded to to connect other circuitry. The deposited interconnects are then insulated by another tri-layer of silicon dioxide, silicon nitride, and silicon dioxide. These steps can be seen in Figure 5B . To form the electrodes, wet (HF) and dry etching (reactive ion etching) are used to open up electrode and bond pad (ribbon pad connection) sites for metalization. The sites are then metalized using a lift off procedure. 6 Iridium is typically used for the electrodes (due to their ability to be electrochemically activated to act as a stimulation site [44, 45] and carry a lower impedance 7 ) and gold is typically used for the bond pads. See Figure 5C . Lastly, the unneeded insulation tri-layers are removed using reactive ion etching, the wafer is thinned in an acid mixture, and then the non-boron-doped silicon is etched away using ethylenediamine-pyrocatechol. This can be seen in Figure 5D .
It is important to note that this fabrication process is highly customizable, as aforementioned. For example, it is possible to add circuitry onto the probe [47] , microchannels for drug delivery [41] , among other constructs. The shape and size of the probe can be customized by the boron doping step for different uses as well. For example, to reduce risk of more injury during insertion, the tip of the shanks can be made sharp by adjusting the boron diffusion so that it is extremely shallow at the tip and then tapers at an angle less than 10 degrees [48, 18] . Figure 6 : (Left) A scanning electron micrograph image of the Utah Electrode Array. Image reproduced from [49] . (Right) A scanning electron micrograph image of the Utah Slanted Electrode Array. Image reproduced from [50] The Utah Electrode Array (UEA) [51, 52] has been used as a base for a number of modified systems and is extremely popular due to its reproducibility and high electrode density. A UAE is typically an array of 10 x 10 electrodes machined from a monocrystalline block of silicon. Each electrode (or shank) is about 1.5 -2.0 mm long with about 250 µm to 400 µm between them. In the Utah Slanted Electrode Array, the shank sizes are varied from 0.5 mm to 2.0 mm long, but the slanted array was developed for use in peripheral nerves to compensate for the tubular nature of the nerve [50] . Both the slanted array and the typical Utah array can be seen in Figure 6 .
Utah Electrode Array
To fabricate the device, a diamond dicing saw is used to cut out grooves for the electrodes. Then a powered frit sealing glass is mixed with methanol and used to fill the grooves until the mixture covers the entire surface a few 100 µm above the silicon. The mixture is then degassed in a vacuum and fired to melt the glass. Scanning electron micrograph images of the individual electrodes on the UEA before (left) and after (right) etching via acid baths. Post-etching, the columns are noticeably smaller and more smooth. Glass grooves can be seen separating the columns in a grid. Images reproduced from [52] Photolithography is used to place square aluminum contact pads on each silicon island, behind each individual silicon shank. Square columns are subsequently sawed out using a diamond dicing saw, and the columns are placed in two acid baths to reduce the size of the columns and sharpen the tips of the electrodes, respectively (see Figure 7) . Finally, the tips are coated with platinum and the entire array except for the tips is encased in polyimide to prevent current passing through the rest of the shanks. It is important to note that more recent works have modified this technique, with better performance, by using iridium instead of platinum for the tips and parylene instead of polyimide for encapsulation [53] . This work has further been improved to use a two layer encapsulations of parylene and Al 2 O 3 to increase the lifespan of the device and improve biocompatibility [54] .
Utah microarrays retain a relatively high signal-to-noise ratio of 6:1 on average [23] , making them well-suited for precision tasks. In fact, both the animal and human trials previously mentioned [13, 5] which successfully translated recorded signals from the M1 cortex to real-time precise movements of a robotic arm, used a Utah microarray for recording of the signals.
Additionally, the fabrication methods are highly reproducible and the geometry well-defined. As such, it has become commercially manufactured and is commonly used for clinical trials. Additionally, recent work in progress has begun to make the manufacturing process more efficient and allow for the chip size to be reduced. One study uses Su-8 to insulate the needles and deep reactive ion etching to replace the dicing saw [55] . Using photolithography an etching techniques to replace manual parts of the manufacturing process could potentially make the process much more parallelizable and efficient.
Others
While this is a subset of the highly varied space of intracortical electrode systems, the major systems which are commonly used as a base for further work have been described. In particular, the Utah array is often used in the field for control of robotic prosthetics as aforementioned.
There are several other classes of system which are noteworthy to mention: floating arrays [56] and neurotrophic systems [57, 58] . Floating arrays can be comprised of any of the aforementioned systems, but rather than strictly attaching the system to the skull, a lose wire is attached to the array and the bulk of the electronics attached to the inside of the skull. Since the brain is free moving, this ensures that further damage to the array or the brain is not undertaken with stiff structures that bolt the microarray directly to skull. While this is not a subset of systems, but rather a technique for implantation and electronics, it is important and often used in conjunction with all of the aforementioned systems.
Neurotrophic systems typically consist of a glass cone (or funnel) with electrodes on its inside and openings on the tip, as well as the bottom. It is filled with a neurotrophic material, spurring neuron growth through the cone. This results in high quality and reliable signals with the drawback that signals from fewer neurons overall are acquired. With regard to control of a robotic prosthesis, the issues with scalability of neruotrophic systems do not make them ideal until more improvements are made in this regard. However, current systems do show promise due to proven long-term implantation (greater than 3 years) and the high quality of signals [59, 60] . With more scalable solutions, it may be possible to use neurotrophic systems with better results than conventional systems previously described.
One recent noteworthy direction, is the increasing use of carbon nanotubes (CNTs) for measuring neuron activity and steps toward intracortical arrays of CNTs to replace current techniques. CNTs are cylindrical tubes of pure carbon molecules [61] with many interesting properties and potential uses. They are biocompatible, mechanically strong, flexible, have a high conductance, and are electrochemically and biologically stable [62] . Because of these properties, they are ideal candidates for use in intracortical recording. Already, carbon nanotube coatings have been used to increase biocompatibility of electrode microarrays and were found to improve quality of recordings by lowering impedance and increasing charge transfer [63, 64] . Further work has continued in using carbon nanotubes for intracellular recording [65] with promising results. Additionally, proposed methods for creating microarrays of carbon nanotubes for intracortical recording had been proposed [66] , and recently successfully implemented with promising in vitro results [67] .
Implantation
Due to the larger sizes of microwire systems and the shanks of Michigan-based systems, procedures for implantation typically involve either insertion by hand [68] or by use of a mechanical device for precision (which positions the device and ensures a straight line of insertion) [34] .
However, due to the density of Utah microarray based devices, it was determined that manual insertion under constant slow pressure resulted in elastic compression of the tissue underneath the device such that significant damage was incurred and the array did not fully penetrate the tissue throughout [69] . As a result, it was determined that high speeds of around 8.3 m/s were needed to safely insert a Utah array to a depth of 1.5 mm into the cortex. A pneumatic impact insertion system was made for this purpose [69, 70] .
Issues and Possible Solutions
While early versions of these devices may not have been suitable for long-term implantation due to lack of thoroughly tested encapsulation or surgical procedures. Recent versions of the discussed systems have been shown to be viable for extended periods of time. In fact, one of the patients in the previously mentioned human trials of the Utah microarray for controlling a robotic prosthetic had the microarray implanted five years prior [5] and continued to be able to control the robotic arm with many degrees of freedom. However, there are still issues which need to be considered in evaluating the possibility of long term implantation of intracortical devices.
Risk of Injury During Implantation
An obvious risk with itracortically implanted devices is the possibility of injury during implantation. As previously mentioned, several steps in each of the described systems have been taken to reduce the risk of injury (angled cutting of microwires, sharpening of tips in Michigan arrays, and pneumatic implantation of Utah arrays). However, depending on the skill of the surgeon, among other factors, there may still be a resultant injury. Few in depth studies have been done about every type of system and surgical method, but from the available literature [71, 72, 73] it is clear that there is always tissue damage incurred during insertion of devices due to the invasive nature of the technique. Bjornsson et al. [73] demonstrate a direct correlation between the amount of damage and the speed of insertion, again indicating that faster insertion results in less damage. While seemingly no studies have yet been done on the effects of this damage on the typical function of the affected area of the brain, the resiliency of the brain suggests that alternative neural pathways can be used to compensate for minimal damage. A study using the Utah Slanted Electrode Array in the sciatic nerves of anesthetized rats [74] suggested that crush injury from implantation did not have a significant impact on the rats' use of the affected nerve and muscles. However, the authors state that implantation caused a marked decrease in action potential amplitudes of both impacted nerve and muscle tissue of "38%, 36%, and 13% in nerve, medial gastrocnemius, and tibialis anterior compound action potential amplitudes, respectively". These results are likely applicable to the directly affected portion of the brain. While more study is needed to determine the extent of damage which insertion causes in the brain, current literature seems to suggest that it is acceptable for chronic use.
Signal Stability
Studies [75] have shown that day to day fluctuations occur within the consistency of a signal waveform and patterns, as well as signal viability. Harris et al. suggest that this is largely due to either human operator error or wrongful attribution of spikes to certain neurons [76] . In their study, they measure cell spiking through both a tetrode (four electrode) array and glass pipette methods. They see up to 30% error between the two. However, they show that introduced automatic spike-sorting algorithms reduced error by up to 8%. It seems as though the fluctuations in signal stability seen in various studies, have inconclusive results due to the possible error rates of microarray attributions. Additionally, the measure for signal stability involves comparing similarity of waveforms for a neuron action potential [75] . It is possible that this measure is not reflective of signal stability, but rather the plasticity of the brain in that signal pathways grow and change over time. Since the signal waveforms are thought to be highly dependent on the geometric morphology of the cell and the extracellular mileau [25] it is possible that changes in interconnections or the extracellular mileau could be the cause of these inconsistencies.
Long Term Viability
Examination of both Utah and Michigan microarrays showed similar results in that only about 60% of implanted microarrays remained viable 8 after 6 months of implantation [77, 68] . Nicolelis et al. performed a study of in vivo implantation of low-density microwire arrays and found that viability ranged from 3 months to greater than 18 months [78] . This data is supported by another study using microwires [79] . Other studies of the Utah microarray with a parylene encapsulation (as opposed to the traditional polyimide encapsulation) suggested viability after more than 12 months of in vitro submersion in a phosphate buffer saline at room temperature [80, 81] . Suner et al. performed an extensive study on Utah electrode microarrays in monkeys yielding viabilities ranging from a minimum of 3 months to greater than 1.5 years [75] . All this data suggests the possibility for long term use, but a high level of variability in vivo, where some electrodes cease to be viable early on, yet others remain viable for years (as in the previously described patient in [5] ). The main cause of the loss of viability of the signals from these microarrays has been associated often with the immune response to the implant. Polikov et al. provide an in-depth explanation of the mechanics of such foreign body responses [82] .
This immune response has been linked to the long-term signal degradation of implants. Some studies suggest that the signal loss is attributed to glial scarring (seen in Figure 8 ) [83, 48, 84 ], yet others suggest that the prolonged immune response results in loss of neurons in a so called "kill zone" [85, 48] . While it is still an open question as to what the actual cause is, both of these theories seem promising, yet both are caused by the immune response of the body. As such, it is important to address the immune response, for long term viability of intracortical implants to become reliable.
Several attempts have been made to address the immune response which appears to be the cause of signal loss over time: use of biocompatible encapsulation materials, use of flexible materials for electrodes, and coating or delivery of bioactive molecules.
As previously mentioned, some promising work has been done in encapsulating Utah microarrays with alternative, more biocompatible, materials [54] , further work has been done in constructing arrays out of entirely biocompatible polymers or coating existing arrays with such polymers [87, 88] . The progressive formation of a glial scar. Between 6-12 weeks no change occurs, suggesting completion of a glial scar by 6 weeks. Image reproduced from [86] Additionally, carbon nanotube coatings have been shown to improve recording capabilities [63] . While there seems to be no concrete evidence from controlled studies suggesting that the immune response is caused by the materials used, the improvements from the use of biocompatible polymers suggests that there is some slight correlation and may be worth pursuing in combination with other mechanisms.
Another theory for the continued immune response at the site of implantation is due to the difference in flexibility of the electrode shanks and the brain. The brain's elastic modulus is about 5 kPa, while the elastic moduli of silicon (as in the Michigan probe shanks and the Utah electrode array shanks) is 166 GPa [9] . It is possible that movement of the brain and the difference in elasticity could result in more damage or strain that furthers an immune response. However, Winslow et al. suggest that there is little difference in glial scarring or immune response if more elastic materials are used [89] .
Further, Szarowski et al. suggest that there is in fact little difference made to the immune response by changing the material and mechanical properties of the devices (though they didn't take into account biocompatible coatings) [90] . Thus, it is important to look to other ways of dealing with immune responses.
Some of the most promising systems relate to the coating or drug delivery of bioactive molecules on intracortical electrode devices. As previously mentioned, Michigan-like structures can be customized to contain drug delivery channels or wells through photolithography. These can now be used to deliver bioactive molecules to the site of implantation. Alternatively, bioactive molecules can simply be coated onto the shanks of all aforementioned systems through simple covalent bonding techniques. Various bioactive molecules have been used with different goals in mind. Some groups have attempted to use motifs and peptides found in the extracellular matrix (collagen, fibronectin, RGD, YIGSR, etc.) to encourage growth of neurons around the electrodes and even adhesion to the electrodes [91, 92] . While these methods show increased neuron attachment and growth around the electrodes [91] , studies have shown that glial scarring remains an issue [93] .
Few studies have had success when addressing glial scarring and response through bioactive molecule coatings. One study showed that dextran coating of DLC 9 -poly-lysine surfaces significantly reduced adhesion of glial cells in vitro [94] . While this study is promising, in vivo conditions 9 Diamond Like Carbon may prove to have different results or affect neuron growth adversely as well. Another study shows mixed results using laminin as a coating [95] . The initial glial response was increased, but the long-term results showed reduced glial scarring.
Targeted drug delivery of immunosuppressants is another possible avenue in reducing glial scarring and the overall immune response. Two promising works used Dexamethasone 10 during implantation resulting in decreased glial scarring and improvements to implant performance [83, 96] . While the drug delivery of Dexamethasone was only during implantation, it is possible to combine this technique with constant drug delivery systems suggested by Rousche et al [97] . In their system, they etch drug delivery wells into a Michigan-like probe to deliver dextran. This could be modified to release other immunosuppressants (like Dexamethasone) at intervals to alleviate the chronic immune response and, potentially, glial scarring.
While many systems, using widely different techniques, show promise, no one combination has been found to completely or significantly reduce the immune response to negligible levels. As such further study and work is needed.
Conclusion
Currently, intracortical electrode arrays have shown the most promise in successful real-time control of a robotic prosthesis with many degrees of freedom. However, there are several downsides to intracortical systems which must be addressed before widespread clinical use. First, long term viability is questionable. While in some cases, implants seem to last for years, in others they become unusable after just a few months [5, 75, 77, 68] . Because of the widely varied results within studies, more thorough investigation is needed, with more tightly monitored controls, to determine long term viability and possible reasons for variation.
One mainly cited reason for loss of signal, however, is immune response, which appears throughout many studies. For chronic implantation, it is necessary to overcome the immune response of the brain to prevent glial scarring or chronic inflammation of the implantation area. While many systems have been proposed to address these issues, no one solution has proven to sufficiently alleviate the problem in in vivo studies. Again, variability between studies and tested systems leads to inconclusive results and further controlled research is needed. Some promising emerging alternatives, such as CNTs, suggest the possibility of addressing immune responses and providing increased performance. However, these also need further study, and have yet to be proven in vivo.
In choosing which type of intracortical system to use, it is important to keep in mind its intended purpose and to design it as such. While microwire arrays and bundles allow for more customization, they are typically larger and have less electrode density, acquiring fewer signals. Michigan arrays are also highly customizable and allow for photolithographic incorporation of sub-structures like drug delivery systems and on board circuitry. Michigan arrays also allow for 3D readings of neurons at different levels. Utah arrays are commonly used due to their simplicity and high electrode density and seem to have the most promise in robotic prosthetics due to current availability and ease of fabrication. However, any and all of these systems must be modified to address the aforementioned issues to truly be viable in truly long-term (greater than 5 years) of implantation.
While non-invasive techniques currently do not have the same amount of precision and control as intracortical systems, new improvements in surface cortical electrodes [11] and the use of signalprocessing, machine learning, and ensemble systems [98, 99, 100] may bridge the gap between intracortical techniques and less invasive techniques. The ease of human trials and the less-damaging nature of non-invasive techniques make them far more attractive, but the their complexity make it unlikely that they can be of comparable quality (in precision of movement and speed of feedback) to current intracortical systems for years to come.
Either way, both intracortical and non-invasive techniques still have much investigation and experimentation to be completed before commercially viable long-term solutions are popularized for control of robotic prosthetics.
